accomplished by detecting microbubble (MB) contrast agents that have bound to specific biomarkers, and can be used for a variety of imaging applications, such as the early detection of cancer. USMI has been widely utilized in preclinical imaging in mice; however, USMI in humans can be challenging because of the low concentration of bound MBs and the signal degradation caused by the presence of heterogenous soft tissue between the transducer and the lesion. Short-lag spatial coherence (SLSC) beamforming has been proposed as a robust technique that is less affected by poor signal quality than standard delayand-sum (DAS) beamforming. In this paper, USMI performance was assessed using contrast-enhanced ultrasound imaging combined with DAS (conventional CEUS) and with SLSC (SLSC-CEUS). Each method was characterized by flow channel phantom experiments. In a USMI-mimicking phantom, SLSC-CEUS was found to be more robust to high levels of additive thermal noise than DAS, with a 6 dB SNR improvement when the thermal noise level was +6 dB or higher. However, SLSC-CEUS was also found to be insensitive to increases in MB concentration, making it a poor choice for perfusion imaging. USMI performance was also measured in vivo using VEGFR2-targeted MBs in mice with subcutaneous human hepatocellular carcinoma tumors, with clinical imaging conditions mimicked using a porcine tissue layer between the tumor and the transducer. SLSC-CEUS improved the SNR in each of ten tumors by an average of 41%, corresponding to 3.0 dB SNR. These results indicate that the SLSC beamformer is well-suited for USMI applications because of its high sensitivity and robust properties under challenging imaging conditions. Index Terms-Ultrasound, molecular and cellular imaging, image enhancement/restoration (noise and artifact reduction).
I. INTRODUCTION
I N CONTRAST-ENHANCED ultrasonography (CEUS), microbubble (MB) contrast agents have been used to enhance anatomical and functional imaging [1] . In particular, MB contrast agents have improved images of the heart [2] , [3] , focal liver lesions [4] , [5] , kidney [6] , and breast tumor vasculature [7] , among numerous other applications [8] - [10] . Despite ranging from only 1 to 4 micrometers in diameter, MB contrast agents have a strong scattering response to insonification, making them easily detectable with ultrasound [10] - [12] .
In addition to enhancing contrast, MBs have enabled ultrasound molecular imaging (USMI). Molecular imaging, in general, is an extension of diagnostic imaging modalities whereby "molecular probes" are used to attach to specific molecules or biomarkers or are designed to be taken up by a cellular process. These molecular probes are often designed so that they are highly visible with the imaging system, and thereby give clinicians the capability to detect targets that express these specific molecules, biomarkers, or cellular processes. USMI can be achieved by coating MB surfaces with ligands and antibodies to target the specific biomarkers. For example, MBs can be targeted with high specificity to vascular endothelial growth factor receptor 2 (VEGFR2), an antigen over-expressed in growing tumors [13] , [14] . By combining the high specificity of molecular targeting with the high sensitivity of ultrasound, USMI has been successfully implemented in several preclinical applications [14] - [24] . More recently, USMI has been clinically translated in patients in a clinical study of breast and ovarian cancer [25] . These applications demonstrate the great potential for USMI in the early detection of cancer.
The ability to detect MBs with high sensitivity and to discern them from the background with high specificity is critical to USMI, especially as research transitions into the clinic. Clinical imaging is beset by additional challenges that are often not observed in preclinical studies. For instance, preclinical tumors are often more accessible than clinical tumors, which are usually embedded beneath several centimeters of tissue. Heterogeneous tissue leads to image degradation via attenuation, phase aberration, and reverberation clutter [26] . Clinical imaging frequencies also tend to be lower than the ones used in small animal imaging, resulting in lower resolution. These challenges are compounded by the inherently low signal-to-noise ratio (SNR) resulting from the specialized pulses that are used to keep the microbubbles intact. In a recent clinical USMI study, a "strong" signalto-background ratio (SBR) in malignant breast lesions was reported to be 2.13, whereas a "weak" SBR was 1.34 [25] , corresponding to decibel-scale SNRs of 6.6 dB and 2.5 dB, respectively.
Many pulse-sequencing techniques have been developed to improve the sensitivity of CEUS. In non-destructive CEUS, specially-designed low-pressure pulses are used to resonate MBs without destroying them. The weak pulses typically have a mechanical index (MI) between 0.1 and 0.3, far below the pressures typically used in diagnostic imaging [27] , [28] . At these pressures, the MBs generate a stronger harmonic response than tissue, allowing the two to be easily differentiated [11] . MB signals have been isolated using the second harmonic frequency [29] , the subharmonic [30] , or a broadband response as in acoustic angiography [31] and broadband imaging [32] .
Other novel pulsing methods have been developed to reduce MI and to improve MB adhesion. Synthetic transmit focusing techniques, in which multiple unfocused transmissions are focused retrospectively, have been employed to avoid forming a physical focus that could destroy MBs at the cost of sensitivity to motion artifacts [33] , [34] . This method, popularized as "ultrafast" imaging, has the additional benefit of insonifying the entire medium, enabling image reconstruction of the entire field with fewer pulse-echo acquisitions and improving frame rates. Acoustic radiation force (ARF) has also been used in molecular imaging applications to enhance MB binding by pushing the MBs towards receptors on vessel walls [35] , [36] .
Image-analysis techniques have also been developed to enhance MB visibility. A common method to remove tissue signals is to acquire CEUS images both before and after a strong destructive pulse, and to subtract the latter image from the former [37] . A method referred to as dwell-time imaging has been shown to give accurate and reproducible quasi realtime quantification of expression levels of molecules on the tumor vasculature [38] . Each of the techniques described above are used in conjunction with the classical delay-and-sum (DAS) beamformer. The DAS beamformer is vulnerable to well-known artifacts such as speckle [39] , clutter [40] , and phase aberration [41] . DAS treats the entire transducer array as a single steerable element and forms images based on the magnitude of the average signal received by the array. However, the backscattered wave contains useful information beyond the magnitude, particularly in its spatial structure. In this paper, we propose to improve MB detection in the aperture domain using an alternative coherence beamforming technique.
Short-lag spatial coherence (SLSC) is a beamforming technique in which images are formed using the spatial coherence of the echo, rather than its magnitude [42] . The spatial coherence is a measure of the similarity of two points along a wavefront as a function of their spacing. SLSC is a promising approach for molecular CEUS imaging because signals from point sources such as MBs have higher spatial coherence than signals from diffuse scatterers (e.g., tissue) and from incoherent noise (e.g., reverberation clutter) [42] - [45] . SLSC has been shown to be more robust to noisy imaging conditions than DAS in simulations and in vivo [46] , [47] , and when used together with harmonic imaging [48] , [49] .
In this paper, the DAS and SLSC beamformers are compared in a molecular CEUS study under conditions that mimic the challenges associated with clinical imaging. The techniques are applied in flow channel phantoms as well as in an in vivo experiment in a mouse model of hepatocellular carcinoma.
II. BEAMFORMING

A. Conventional DAS Beamforming
Denote the complex signals received on a 1D uniform linear array of N elements as s 1 
, where the signals are focused at a field point x using appropriate focusing time delays. In the case of multi-pulse harmonic imaging, it is assumed that the pulses have already been combined. A conventional CEUS image pixel is computed using the DAS beamformer:
That is, the pixel value is the magnitude of the sum of the signals. The resulting image is often logarithmically compressed to improve visualization.
B. SLSC Beamforming
The SLSC beamformer consists of two steps: estimating the spatial coherence function, and integrating the coherence function at short lags [42] . The spatial coherence function is measured as the correlation coefficient between signals with a spacing (also referred to as a "lag") of m elements. On a 1D array, this is computed as the sample correlation coefficient of all signal pairs at lag m:
whereĈ i,i+m ( x) is the covariance of signals s i and s i+m :
Here, the symbol * denotes the complex conjugate, and the covariance is computed over some kernel K, typically selected to be an axial signal window with an extent of one wavelength [42] , although a kernel-less approach [50] using a single sample for the estimation can be utilized for fast computation without loss in axial resolution:
Some representative examples of spatial coherence functions are presented in Fig. 1 , as measured in in vivo with CEUS-specific low MI pulses. The correlation coefficient is much lower than the theoretical predictions, indicating the presence of significant amounts of noise [51] . The correlation coefficient between channels is higher for MB signals than for tissue or incoherent noise, especially at "short lags", i.e. when m is small. The SLSC beamformer quantifies this difference by measuring the area under the correlation coefficient curve at short lags, i.e., for 1 ≤ m ≤ M:
The selection of the threshold M is application-specific, but is typically selected to be anywhere from 1 to 30% of the transmit aperture size [42] .
III. METHODS
A. Microbubble Imaging System
A contrast pulse sequence (CPS) approach [29] was used to image the nonlinear response of the MBs, combined with a plane wave synthetic aperture technique. Three plane waves were transmitted at each of 7 angles over a span of 18°for a total of 21 pulses per image frame with a pulse repetition frequency of 10 kHz. Each triplet of pulses consisted of two cycle transmissions at 4.5 MHz with amplitudes of (+
such that the sum of the three pulses would cancel out the linear (i.e. tissue) component of the signal and accentuate the harmonic (i.e. MB) signal. The two half-amplitude pulses were achieved by transmitting using only the odd elements and the even elements, respectively, whereas the negative pulse was achieved with a waveform 180°out of phase, transmitted on all elements.
A Verasonics Vantage 256 research scanner was used to acquire the raw channel data from 128 elements of an L12-3v transducer in real time. The received echoes were bandpass filtered at the second harmonic frequency (9 MHz) to detect the non-linear MB response. The data was then transferred to a host computer for real-time processing. MATLAB (Mathworks, Natick, MA) MEX functions were written in C++/CUDA (NVIDIA, Santa Clara, CA) to perform beamforming using an NVIDIA Quadro K620 graphics processing unit (GPU). Each triplet of signals was first summed together to obtain the harmonic signal. The harmonic channel signals were then focused by applying the appropriate time delays and coherently summing over the 7 plane wave images. The focused channel signals were used to form both conventional CEUS and SLSC-CEUS images by applying (1) and (5), respectively. In this study, the short-lag threshold was empirically selected as M = 16, corresponding to 12.5% of the 128 element aperture, although image quality was observed to be fairly insensitive to small changes in M. Real-time image guidance was performed at >20 frames per second (fps), and the data set to be analyzed was obtained at 100 fps.
B. Image Reconstruction and Analysis
Both the conventional CEUS and SLSC-CEUS images were normalized and displayed on a linear scale. To remove the background tissue signal, images were acquired before and after a strong destructive pulse, and the post-burst image was subtracted from the pre-burst image to form a difference image:
To decrease noise and improve stationary microbubble visualization, ten frames were averaged together for each of the preand post-burst images. The DAS and SLSC difference images were normalized by the root-mean-square (RMS) value of the noise floor as measured in a control region. The MB sensitivity of each beamformer was measured as follows:
where RMS is the root-mean-square value, I is either the conventional CEUS or SLSC-CEUS difference image, and x MB and x tissue correspond to regions of interest (ROIs) of MB signal and background tissue signal, respectively. The tissue ROI was selected as a region within the tumor with no visible MBs. The MB ROIs were selected using a semi-automated process. A reviewer manually marked the centers of all suspected MBs in each image. For every marked center, the image pixels were weighted by a gaussian function centered at the marked location and with a standard deviation of 15 pixels. For each image, the MB ROI was defined as any pixel whose weighted value exceeded 2 × RMS[I (x tissue )] for any of the marked centers. To avoid unfairly biasing ROI selection toward either technique, the final MB ROI was selected to only contain pixels that were classified as MB signal in both the conventional and SLSC-CEUS images.
C. Flow Channel Phantoms
Wall-less agarose flow phantoms were constructed in-house to emulate two common modalities of CEUS: USMI and perfusion imaging. The phantoms were made with an agar gel (2% weight-by-volume) mixed with graphite (2%) to generate tissue-mimicking scattering. The gel was poured into a customized mold lined with impedance-matching ρ − c rubber [52] and containing removable tubes and rods spanning from wall to wall. The tubes or rods were removed after the gel was fully cooled and set, leaving behind wall-less flow channels.
USMI was mimicked with a phantom containing nine 200 μm diameter microvessels arranged in a 2 mm diameter circle, creating the voids of the microvessels using a bundle of steel rods (McMaster-Carr part #89875K87) that were held together on one end with putty. A transverse cross-section was imaged to mimic the isolated MBs encountered in USMI. A solution containing clinical grade BR55 (Bracco, Milan), a MB contrast agent targeted to VEGFR2 [17] , [53] , was injected into the flow channels and held stationary using a syringe. BR55 was used as a non-targeted MB in the phantom studies because the phantoms did not contain VEGFR2 receptors. A fixed concentration of 5×10 4 MB/mL was injected into the microvessels. To characterize each beamforming method as a function of noise level, gaussian white noise was added to the signal at levels of −20, −12, −6, 0, +6, +12, and +20 dB relative to the RMS of the overall signal. SNR was measured using manually selected tissue and bubble ROIs, due to the movement of MBs in and out of plane. A B-mode image of the phantom is shown in Fig. 2a .
Perfusion imaging was mimicked using a 2 mm flow channel created using a 2 mm diameter plastic tube (Cole-Parmer part #06417-51) to create the void for the flow channel. The channel was imaged with a longitudinal cross-section to characterize the beamforming response to a bolus of MBs in an easily resolvable vessel as a function of MB concentration. A B-mode image of the phantom is shown in Fig. 2b . CEUS images were formed with concentrations of 5 × 10 2 , 5 × 10 3 , 5 × 10 4 , 5 × 10 5 , and 5 × 10 6 MB/mL. SNR was measured using rectangular ROIs inside and just above the vessel.
D. Human HCC Xenografts in Mice
In vivo experiments were performed in a mouse model of hepatocellular carcinoma (HCC). Human HepG2 HCC cells (ATCC, Manassas, VA) were grown in high glucose (4.5 g/L) Dulbeccos modified Eagles medium (Invitrogen, Carlsbad, CA), supplemented with 10% fetal bovine serum, L-glutamine (2 mM), penicillin (100 U/mL), and streptomycin (100 μg/mL). Cells were incubated at 37°C in a humidified atmosphere of 5% CO2, and 95% air.
All in vivo experiments were performed in nude mice (Charles River, Hollister, CA) with prior approval from the Institutional Administrative Panel on Laboratory Animal Care. Cells at approximately 70% confluence were collected by trypsinization. Human HCC xenografts were established on the mouse flanks by subcutaneously injecting 5 × 10 6 HepG2 cells mixed in 50 μL low growth factor matrigel membrane matrix (BD Biosciences, Billerica, MA). Tumors were allowed to grow for 3-4 weeks until they reached a mean maximum cross-sectional dimension of 9.1 ± 1.5 mm. This cutoff was selected because tumors beyond 9 mm were observed to be necrotic in the center and to contain neovasculature that was no longer intact. A total of 10 mice with tumors were used in this study.
Prior to experimentation, the mice were anesthetized with 2% isoflurane in 2 L of oxygen per minute. A catheter (MicroMarker Tail Vein Access Cannulation kit; VisualSonics, Toronto, Ontario) was placed into a lateral tail vein for administration of MBs. A 50 μL bolus injection containing 5 × 10 7 MBs was injected, and MBs were allowed to circulate through and accumulate in the tumor for 4 minutes postinjection. Images were acquired after the MBs had bound, and were denoted as having low or high MB retention (i.e., binding). Control images of the tissue were also obtained immediately following a high MI destructive pulse, before more circulating MBs could enter the tumor. Clinical imaging conditions were simulated by placing a 1 cm thick layer of degassed porcine muscle tissue between the transducer and the target [54] , [55] to induce attenuation, aberration, and reverberation clutter. A B-mode image of the tumor and porcine tissue layout is shown in Fig. 2c . The SNR within the tumors was measured using manually selected ROIs of MBs and background tissue, as detailed in Section III-B.
IV. RESULTS
A. USMI Phantom
Cross-sectional images from the microvessel phantom are shown in Fig. 3 for several levels of added gaussian white noise. The white bars indicate 1 mm in these and all subsequent images. In the absence of noise, the MBs were well-visualized by both conventional and SLSC-CEUS. In the presence of +6 dB noise, the conventional CEUS image showed weaker MB signals, whereas the SLSC-CEUS image visualized the MBs comparably to the no noise case. At +20 dB noise, both methods failed to visualize the most of the MBs. The remaining visible MBs appeared brighter in the SLSC-CEUS image.
The imaging performance of each method is quantified as a function of added noise over several acquisitions in Fig. 4 . In the absence of noise (−∞ dB), conventional CEUS (solid line) had significantly higher SNR than SLSC-CEUS (dashed line). The SNR of the conventional CEUS images decreased as noise was increased. By contrast, SLSC-CEUS (dashed line) showed comparable or improved performance for noises of up to +6 dB with respect to the overall signal. At noise levels at or above +6 dB, the SNR decreased sharply for both techniques, with SLSC-CEUS maintaining an SNR approximately 6 dB better than conventional CEUS.
B. Perfusion Phantom
MBs were easily visible in the perfusion flow channel phantom for all MB concentrations. Figure 5 displays the conventional CEUS (top row) and the SLSC-CEUS (bottom row) images for increasing levels of MB concentration. MBs were not visible in the control (0 MB/mL) images for either method as expected. At 5 × 10 2 MB/mL, the MB signal was low throughout the vessel for both methods. At 5 × 10 4 MB/mL, both methods resulted in an increased brightness and a speckle pattern visible inside the vessel. However, at 5 × 10 6 MB/mL only the conventional CEUS image continued to grow brighter, while SLSC-CEUS was approximately the same as 5 × 10 4 MB/mL.
The mean MB signal and the SNR values are plotted in Fig. 6 . The conventional CEUS MB signal increased linearly with the concentration of MBs, while the SLSC-CEUS MB signal plateaued beyond 5 × 10 4 MB/mL. The measured SNR showed similar trends for both techniques, with greater improvements by conventional CEUS at higher concentrations.
C. In Vivo Experiments
Four examples of low MB retention in HCC tumors are shown in Fig. 7 . All images are scaled to display a dynamic Four examples of high MB retention are shown in Fig. 8 with a dynamic range of 1 to 5 times the RMS of the background ROI, denoted in magenta. In the conventional CEUS images, salt-and-pepper noise was present throughout, both inside and outside of the tumors, making it difficult to distinguish MB from noise. By contrast, the SLSC-CEUS images substantially suppressed the noise while preserving and enhancing the MB signals throughout. This effect was especially remarkable in image D, where the noise masked the MB signal in the conventional CEUS image.
The SNR for MB signal in all tumors, as measured by the ratio of the MB ROI to the background ROI, is plotted in Fig. 9 , with the conventional CEUS SNR on the x-axis and SLSC-CEUS on the y-axis. In each case, the SNR was higher in SLSC-CEUS than in conventional CEUS. The average improvement in SNR was 41%, corresponding to a 3.0 dB SNR increase.
V. DISCUSSION
Throughout the results above, SLSC-CEUS showed greater sensitivity to isolated MBs than conventional CEUS. Specifically, SLSC-CEUS reduced noise and accentuated the MB signal throughout the image. In theory, DAS and SLSC both give maximum output for a point scatterer such as an isolated MB. With DAS, the coherent signal from an ideal point scatterer signal sums constructively over the aperture, ideally yielding an N-fold increase. With SLSC, the correlation coefficient is measured to be unity at all lags, and the short-lag sum is thereby maximized.
SLSC, however, is less sensitive to changes in signal quality than DAS. For example, SLSC is insensitive in its response to signal degradation caused by attenuation and incoherent noise (i.e. more robust), but it is also insensitive to increases in signal strength. This characteristic makes SLSC very wellsuited for low SNR applications such as isolated MB detection in USMI, but less well-suited for high SNR applications, such as perfusion imaging. Below, the characteristic responses of each beamformer are discussed for several scenarios affecting the signal quality.
A. Effects of Attenuation
Attenuation is caused by the absorption of acoustic energy by the tissue. The transmitted pulse and reflected echoes lose strength progressively as they travel through the medium. Attenuation has an immediate impact on DAS because its output is directly proportional to the magnitude of the echo, causing deeper regions to appear darker. (Time-gain compensation counteracts this issue by amplifying the signal, but also amplifies the noise level in the process.)
Attenuation has a subtler effect on SLSC that is readily demonstrated with a simple example. Consider two noisy signals x and y, composed of the true signals s x and s y degraded by uncorrelated additive noises n x and n y :
It can be shown (see Appendix) that ρ xy , the correlation coefficient between x and y, is related to ρ s x s y , the correlation coefficient between s x and s y , by
where σ s and σ n are the magnitudes of the signals and noises, respectively, and ESNR is the electronic signal-to-noise ratio. A plot is shown in Fig. 10 for convenience. Equation (9) shows that as σ s is reduced (i.e. by attenuation), the measured correlation coefficient decreases. However, unlike DAS, the correlation coefficient follows a nonlinear trend; a reduction in σ s has little impact on ρ xy when σ s σ n , but has a dramatic impact when σ s σ n . Provided that the MB signal is strong relative to the noise magnitude, the correlation coefficient (and thereby SLSC) is robust to attenuation effects. This behavior was observed in the low retention in vivo images in Fig. 7 , especially in images C and D where the MBs deep within the tumor were well visualized by SLSC-CEUS but not by conventional CEUS. This suggests that SLSC-CEUS can achieve deeper penetration than conventional CEUS.
B. Effects of Incoherent Noise
Incoherent noise also affects both beamformers. The noise can arise from electronic sources (e.g., thermal noise) or from acoustical sources, such as multi-path scattering within the tissue. In DAS images, incoherent noise manifests as salt-andpepper noise overlaying the image. Because the output of DAS is the magnitude of the signal, an increase in the noise level σ n tends to increase the overall output, with the noise dominating the signal at high amplitudes.
By contrast, the output of the SLSC beamformer is essentially a correlation coefficient, and tends to decrease with noise, especially when no strong signal is present. Equation (9) shows that there is a suppression of coherence as noise (σ n ) is increased, and that the suppression is more severe when σ s is small (e.g., no MB signal) than when σ s is large (e.g., a MB signal). This nonlinear behavior selectively suppresses incoherent noise more sharply than the MB signals, enhancing the image. This effect was apparent in the high retention in vivo images in Fig. 8 , where the noise present throughout the conventional CEUS images was significantly suppressed in the SLSC-CEUS images. Some signals were observed in the distal regions of the tumors in the conventional CEUS images A, B, and C that did not appear in the SLSC-CEUS images. It is difficult to classify these as either MBs or noise in the absence of a ground truth. However, their high amplitude and low spatial coherence are consistent with noise that mimics desired targets of interest (e.g., tissue) we have seen in other applications [49] , [56] .
C. Effects of Increasing MB Concentration
In the event that multiple MBs are insonified simultaneously, the echoes interfere with one another. Given enough MBs within the smallest resolvable volume (and assuming that the response from each MB is independent of the rest), the interference between the echoes manifests as a speckle signal. The DAS response to a speckle signal has been studied extensively [57] . The mean DAS output of a speckle signal increases linearly with the magnitude of the echo, making DAS very well suited for perfusion imaging.
The SLSC beamformer, however, interprets multiple MBs (and speckle in general) as a fundamental loss in correlation [43] . In (9) , this corresponds to a reduction in ρ s x s y . Increasing the MB concentration and thereby the signal strength σ s causes the correlation coefficient ρ xy to asymptotically approach ρ s x s y , but not increase past it. Therefore, there is a limit to the maximum observable coherence when many MBs manifest as speckle. This effect was observed in the perfusion phantom in Figs. 5 and 6 , where the SLSC output is seen to plateau at higher concentrations. Moreover, SLSC is composed of normalized correlation coefficients and is thus insensitive to pure increases or decreases in magnitude. Consequently, SLSC is poorly suited for high MB concentration applications such as perfusion imaging for precisely the same reason that it excels in low MB concentration applications such as USMI.
Notably, SLSC-CEUS performance in vivo did not appear to suffer from the same signal saturation effect that was observed in the perfusion phantom study, even at the highest levels of MB retention (Fig. 9) . The high MB retention images in Fig. 8 do not demonstrate a speckle-like texture in the MB regions. The lack of speckle artifact indicates a low concentration of bound MBs, which was one of the original motivating factors for developing a more sensitive USMI technique.
D. Other Remarks
SLSC is an aperture domain technique, operating on the channel signals. A major benefit of this is that it is mostly independent of pulse sequencing and image processing, and can build upon the technological advances of either. Plane wave transmits and CPS harmonic imaging were selected for this study, but could easily be replaced with focused or diverging wave transmits with a standard pulse-inversion harmonic imaging technique.
The resolution of SLSC-CEUS depends on many parameters (e.g., M, electronic SNR) [58] and was not investigated in this study. However, a slight loss in lateral resolution was observed with the selected parameters.
The nonlinear properties of SLSC make it useful for detection tasks; however, SLSC is consequently poorly suited for applications where the linearity in the signal power needs to be preserved with respect to MB concentration (e.g., quantification as opposed to detection).
VI. CONCLUSION
In this study, the DAS and SLSC beamformers were compared in the context of CEUS. Conventional CEUS images of the backscattered magnitude were made with DAS, and SLSC-CEUS images of the backscattered spatial coherence with SLSC. SLSC-CEUS images exhibited significantly improved sensitivity to isolated MBs in a microvessel phantom emulating targeted imaging, but was insensitive to increases in the concentration of MBs in perfusion imaging. In vivo, SLSC-CEUS improved the sensitivity to VEGFR2-targeted MBs in every acquisition, with an average increase of 41% in SNR. SLSC was found to be robust to noisy imaging conditions, and appears to be particularly well suited for MB detection in low concentration imaging applications such as USMI, but poorly suited for quantifying increases in MB concentration in applications such as perfusion imaging.
APPENDIX
Consider two noisy signals x and y, composed of the true signals s x and s y degraded by uncorrelated additive noises n x and n y : 
The correlation coefficient can also be written as a function of the electronic SNR, defined as ESNR = σ s /σ n :
Thus, we see that ρ xy approaches ρ s x s y asympotically as ESNR is increased.
